This paper presents a design study for a field-cycled magnetic resonance imaging (MRI) system directed at small animal imaging applications. A fieldcycled MRI system is different from a conventional MRI system in that it uses two separate and dynamically controllable magnetic fields. A strong magnetic field is used to polarize the object, and a relatively weak magnetic field is used during signal acquisition. The potential benefits of field-cycled MRI are described. The theoretical dependences of field-cycled MRI performance on system design are introduced and investigated. Electromagnetic, mechanical and thermal performances of the system were considered in this design study. A system design for imaging 10 cm diameter objects is presented as an example, capable of producing high-duty-cycle polarizing magnetic fields of 0.5 T and readout magnetic fields corresponding to a proton Larmor frequency of 5 MHz. The specifications of the final design are presented along with its expected electromagnetic and thermal performance.
Introduction
Field-cycled magnetic resonance imaging is a form of magnetic resonance imaging (MRI) in which the magnetic fields can be varied in both time and amplitude. This represents a fundamental difference in the overall system configuration as compared to a conventional MRI scanner, and in this paper the effects of this difference are investigated and their impact on the design of a field-cycled MRI system for small animal imaging are presented.
A conventional MRI system is composed of three main sub-systems. A main-field system must provide a strong, spatially uniform and temporally stable magnetic field. A dynamically controllable gradient field system is necessary to provide spatial encoding of the sample along each of the three spatial directions. A radio-frequency (RF) system is required to both excite transverse magnetization within the sample, and then to receive the induced signals produced by the magnetization precessing at the frequency of the main magnetic field. The primary difference between a conventional MRI system and a field-cycled MRI system is in the production and application of the main magnetic fields. In conventional MRI, the main magnetic field is responsible for both inducing the equilibrium nuclear magnetization within the sample, and creating the magnetic field environment within which transverse magnetization precesses. Both the amount of magnetization induced in a sample and the frequency of transverse magnetization precession are linearly dependent on the strength of the same main magnetic field. As a result of the combination of these two factors, the magnitude of the induced MRI signal depends on the strength of the main field squared. The main magnetic field is produced by a single high-field magnet that is typically superconducting.
In field-cycled MRI the processes of magnetizing the sample and acquiring the signal are accomplished by using two separate, actively controlled resistive magnets: a high-field (on the order of 1 T) polarizing magnet and a low-field (on the order of 0.1 T) homogenous readout magnet. The polarizing magnetic field is first cycled on, for a period on the order of the longitudinal relaxation time constants (T 1 values) within the sample, to create a net magnetization in the sample. This magnetic field does not need to be extremely uniform, because variations in field strength will only result in corresponding variations in the magnitude of locally induced nuclear magnetization. This leads to corresponding intensity variations in the final image, just as variations in the RF coil receive sensitivity do in conventional MRI. The amount of magnetization induced in the sample will depend on both the duration and the strength of the polarizing magnetic field, as well as the longitudinal relaxation times of the sample. After a controllable duration, the polarizing magnet is cycled off, and the readout magnet is cycled on. This results in the relatively large non-equilibrium magnetization of the polarizing magnetic field precessing at a Larmor frequency determined by the lower-field readout magnet. This decaying magnetization can persist for several hundred milliseconds in the presence of the readout magnetic field. During this time, gradient fields and RF pulses are applied in whatever sequence is desired in order to obtain an MR image. Figure 1 illustrates a basic field-cycled MRI pulse sequence.
There are several potential advantages of a field-cycled MRI system. The polarizing magnet need only be strong, but not particularly uniform or stable, while the readout magnet need only be uniform and stable, but not particularly strong; therefore, the technical challenges of designing and constructing the system are greatly reduced when compared to the design of a conventional MR magnet. The ability to vary both the polarizing field duration and amplitude allows for greater diversity in T 1 contrast between tissues (Macovski and Conolly 1993) and the possibility for relaxometric imaging , Ungersma et al 2005 . Performing data acquisition at low-field reduces susceptibility artefacts such as those between tissue and air or tissue and metallic implants (Macovski and Conolly 1993) . Imaging at lower fields requires much less RF power than conventional MRI, which results in a reduced specific absorption rate (SAR) (Jin 1999) . Because the gradient coils are operating at a relatively low field, the acoustic noise produced by the scanner operation is reduced.
The fundamental idea behind field-cycling in nuclear magnetic resonance (NMR) is quite old; however, its application to MRI is relatively recent. The first application of fieldcycling was that of M Packard and R Varian (Packard and Varian 1954) , in which they used prepolarizing magnetic fields to allow them to detect magnetization precessing in the Earth's magnetic field. Later applications of field-cycling in NMR involved measurements of dispersion in T 1 values for samples (Bloom and Mansir 1954, Bene 1980) . Field-cycled NMR relaxometry and its applications to biological systems are well summarized in the textbook of R Kimmich (Kimmich 1997) . Several efforts have been made over the past two decades to apply the ideas of field-cycling to MR imaging. A system that used the Earth's magnetic field as the readout magnet, similar to the configuration used by Packard and Varian, was developed (Mehier et al 1985 , Favre et al 1990 . Additional polarizing magnets have been added to superconducting MRI systems in order to obtain T 1 dispersion images (Carlson et al 1992) . Cycled magnetic fields have also been employed in field-cycled proton-electron double resonance imaging (FC-PEDRI) to investigate free radicals in biological samples (Seton et al 1992 , Lurie et al 2005 . Significant developments in prepolarized MR imaging with cycled magnetic fields were made by Stanford University over many years in areas that included technical innovations in magnet systems design, signal-to-noise ratio (SNR) optimization and pulse sequence development (Macovski and Conolly 1993 , Scott et al 1994 , Conolly et al 1994 , Morgan et al 1996 , Morgan et al 1999 , Xu et al 2000 . Hyperpolarized gas imaging, which shares the basic signal-to-noise ratio (SNR) characteristics of field-cycled MRI, has been conducted using dedicated low-field systems using inhaled prepolarized noble gasses (Chen et al 1999 , Saam et al 1999 , Salerno et al 2002 .
The literature summarized above lacks a contribution that details a study of overall fieldcycled system design specifically for small-animal imaging applications. To address this, in this paper the important design considerations for a field-cycled MRI system are presented and investigated. The theoretical dependences of various aspects of system performance on the system design parameters are presented in section 2. In section 3, the means by which the system dependences were combined to produce complete system designs are summarized. Several representative complete system designs are shown and discussed in sections 4 and 5, respectively.
Theory
There are several factors that affect the performance of a field-cycled MRI scanner. The factors that are considered in this design study are signal-to-noise ratio, polarizing magnet design, readout magnet design, production of magnetization, readout magnetic field instability and radiofrequency coil dimensions. The theoretical effects of each of these factors on system performance are described in the following sections.
Signal-to-noise ratio
The SNR for conventional MRI can be expressed as
where ω 0 is the Larmor frequency of the spins during data acquisition, B 0 the magnetic field during polarization of the sample, B 1 the RF field efficiency and R the effective resistance of the RF coil (Morgan et al 1996, Hoult and Lauterbur 1979) . In conventional MRI, ω 0 is proportional to the main field, and thus the SNR is proportional to B 2 0 B 1 R −1/2 . In field-cycled MRI, the readout field and the polarizing fields are distinct, leading to the following expression for the SNR (Morgan et al 1996) :
where ω r is the Larmor frequency for protons in the readout field (B r ), and B p is the strength of the polarizing magnetic field. There are two SNR regimes in MR imaging: coil noise dominance (CND) and body noise dominance (BND) (Hoult and Lauterbur 1979, Morgan et al 1996) . CND occurs when electronic noise due to the thermal energy of electrons (Johnson noise) in the RF coil dominates noise from the sample which is inductively or capacitively coupled to the RF coil. BND occurs when the converse is true. In this study, it is assumed that the sample is inductively coupled to the RF coil and capacitive coupling effects are ignored.
In the CND regime, the system noise is dominated by that of the RF coil, which is proportional to ω 1/2 r due to the skin-depth effect (Hoult and Lauterbur 1979) . Substituting this relationship into equation (2), an expression for CND-SNR is obtained as
It is clear from equation (3) that CND-SNR is a function of both the readout and polarizing-field strengths. The CND-SNR does, however, have a greater dependence on the polarizing-field strength than it does on the readout-field strength. This becomes important in deciding the radial ordering of the two magnets. The presence of an RF shield to prevent B 1 interactions with the polarizing coil modifies the form of equation (3) yielding the following description for the SNR in the CND regime:
where d RF and d shield are the diameters of the RF coil and shield, respectively. There are more dependences on B 1 created by the RF coil besides the aforementioned, such as the difference between using a solenoid versus a saddle coil, as this will alter the B 1 efficiency (Hoult and Lauterbur 1979) . Other characteristics of the RF coil geometry, such as winding geometry and capacitor distribution, have the potential to create loss of SNR if done improperly (Hoult and Lauterbur 1979 ). In the current study, however, equation (4) has been used as a simplification.
In the BND regime, RF coil noise is proportional only to inductive coupling to the sample, which varies as ω 2 r B 2 1 (Hoult and Lauterbur 1979) . Substituting this relationship into equation (2) provides an expression for SNR in the BND regime:
It is important to note that BND-SNR is independent of readout-field strength and B 1 sensitivity. The lack of dependence on the readout-field strength indicates that the readout field need only be strong enough so that the system operates in the BND regime. Increasing the readout field further potentially increases noise and susceptibility artefacts without any SNR benefit. Since inductive noise depends on the fifth power of the sample radius (Hoult and Lauterbur 1979) , BND tends to occur for larger sample volumes, such as in whole-body MRI. In NMR, sample volumes are typically smaller, and thus they tend to fall in the CND regime. For field-cycled MRI, Larmor frequencies tend to be within the transition regime from CND to BND, which begins approximately between 5 and 10 MHz for human tissue conductivities for simple solenoid RF coil designs (Chronik et al 2002) .
From equations (4) and (5) it is clear that the system SNR is dependent on which regime one resides within. If in the BND regime, the polarizing-field strength is the only concern. However, in the CND regime and for a finite amount of available system power, there is a tradeoff between the polarizing and readout-field strengths.
Polarizing and readout magnet design
The requirements of field-cycled MRI necessitate that the polarizing magnet must have high-power efficiency, but it downplays the importance of uniformity. The polarizing magnet can have uniformity on the order of tens of per cent. This inhomogeneity causes a proportional change in the local SNR and a shading of the image. This is the same effect as B 1 inhomogeneity. The tolerance of this inhomogeneity depends on the specific imaging application.
The polarizing magnet can be any design that efficiently produces a reasonably uniform magnetic field. In the current study, the focus is placed on thick solenoids for their power efficiency and ease of design and fabrication. The solenoid is characterized by the inner radius a, the ratio of the outer to inner diameter α and the ratio of the solenoid length to inner diameter β. Given these three parameters, the proposed current I and the number of current loops N, a desired polarizing field can be produced according to
where F (α, β) is a dimensionless field factor (Montgomery 1969) , which is solely geometry dependent. The Fabry parameter, G(α, β), defined as (Montgomery 1969, Kratz and Wyder 2002 )
is a dimensionless quantity, solely dependent on α and β, which measures the field per unit power of a solenoid. Since SNR is proportional to the polarizing field (equation (4)), G(α, β) should be maximized. Figure 2 is a plot of the normalized Fabry parameter as a function of α and β for a uniform current density solenoid. From figure 2, the maximum Fabry parameter, for any given inner radius, occurs at (α, β) = (3.095, 1.862). According to the Fabry parameter, α should be ∼3. However, there is an inherent tradeoff concerning the SNR of the system; a decrease in α causes a decrease in B p and consequently a decrease in SNR (equation (4)), but it causes the radius of the readout magnet to decrease, producing a stronger readout field and an increase in CND-SNR. Alpha proves to be more critical to the potential SNR of the system than β. Other considerations come into play when determining the radial ordering of the polarizing and readout magnets. The homogeneity of the readout magnet is improved as the radius increases. The mass of the system, as well as thermal effects, varies with the radial ordering as well. This will be discussed in further detail in section 4. The number of windings and the wire gauge of the polarizing magnet are chosen to set the load necessary for the available amplifiers. The dc resistance of the magnet can be estimated from equation (6) by extracting the number of wires, N, and determining a wire gauge.
Various methods have been used to design resistive uniform-field magnets (Morgan et al 1996 , Xu et al 2000 , Morgan et al 1999 . A simulated annealing optimization algorithm (Aarts 1989 ) is used to determine the optimal readout magnet geometry. The number of windings and wire gauge are chosen to prevent the load of the amplifier from being exceeded.
As seen in equation (4), the radius of the readout magnet should be as small as possible to increase the readout-field strength, and thus CND-SNR. Since the readout field has slightly less of an effect on CND-SNR, the readout magnet should be placed outside the polarizing magnet. Having the readout magnet at a larger radius also makes it easier to achieve a greater uniformity.
As discussed by Morgan et al (1996) , the inhomogeneity of the readout field needs to be small enough across any given voxel to still allow spatial encoding. For this to occur, the readout gradient must be much larger than the field inhomogeneity over the field of view (FOV). Assuming a receiver bandwidth of 10 kHz (as discussed in Morgan et al (1996) ) and a FOV of 10 cm, the readout gradient strength will be 2.3 mT m −1 , effectively setting the maximum tolerable field inhomogeneity. Limiting the tolerable inhomogeneity by another order of magnitude will further reduce image artefacts. The maximum change in homogeneity over the FOV, at a readout frequency of 5 MHz, will then be 20 ppm cm −1 . Imaging at low-field provides reductions in SAR, susceptibility artefacts and acoustic noise. Since the deposition of power in the sample due to RF pulses is proportional to ω 2 (Haake et al 1999) , at low-field, such as in field-cycled MRI, the wavelengths of the RF pulses are long enough to prevent little energy to be deposited into the sample.
Frequency shifts due to magnetic susceptibility differences between tissues also diminish at low field. For instance, a 5 ppm susceptibility difference between tissues would cause a significant 320 Hz frequency shift at 1.5 T. However, this same difference in susceptibility only causes a 25 Hz frequency shift at 5 MHz. With a 2.3 mT m −1 readout gradient and a voxel width of 1 mm, the pixel width would be 100 Hz. In field-cycled MRI, the frequency shift will be small compared to the bandwidth of a pixel, and thus susceptibility artefacts will be reduced.
Acoustic noise in MRI scanners is a product of the Lorentz forces acting on gradient coils. Lorentz forces are proportional to both the readout field and gradient strength (Price et al 2001) . In field-cycled MRI, gradient amplitudes are reduced since imaging is carried out at low-field; hence, acoustic noise is reduced. Price et al (2001) have shown the reduction in acoustic noise at low-field by investigating acoustic noise of scanners ranging in field strengths from 0.2 T to 3 T.
Magnetization
The longitudinal component, M z (t), of the magnetization as a function of time can be determined by numerically integrating the corresponding component of the Bloch equation:
where M 0 is the equilibrium magnetization of the sample in the instantaneous magnetic field. For weakly paramagnetic materials, M 0 is proportional to the instantaneous magnetic field strength and inversely proportional to the sample temperature (Cowan 1997) . For the usual case of a static magnetic field, this equation can easily be solved; however, in field-cycled MRI, the magnetic field is itself a function of time. Furthermore, the time constant T 1 has a field dependence that can be expressed for most biological tissues as
where γ is the gyromagnetic ratio, B is the magnetic field and η and ε are tissue-dependent constants (Bottomely et al 1984) .
In response to the application of a constant voltage power supply, the current in the polarizing magnet will make an exponential approach to the equilibrium current given by the supply voltage divided by the magnet resistance. The time constant for the magnet turn-on will be equal to L p /R p , where L p and R p are the inductance and resistance of the polarizing magnet, respectively. The polarizing magnet is assumed to be turned off using a switched resonant circuit as described by Conolly et al (1999) . The result is that the polarizing magnetic field waveform turns off with a quarter-sine-wave-shape. The duration of the turn-off time is given by
where C is the value of the capacitor in the switching circuit. The maximum voltage across the capacitor is given by
where V 0 and I 0 are the maximum voltage and current of the power supply, respectively. Once the time dependence of the magnetic field is specified, the M z (t) for a given sample material (with fixed ε, η parameters) can be calculated numerically. The relatively weak readout magnetic field is pulsed on just before the polarizing magnet is turned off. The turn-on time for the readout magnet is assumed to be negligible. The readout magnet is held at a constant level for a period of time following the end of the polarizing magnet pulse. During this time, M z (t) still evolves according to equation (8), but now the instantaneous magnetic field is only that of the readout magnet. Because this field is much weaker than the polarizing field, M z (t) will decrease with time until it achieves the equilibrium value for the weaker readout magnetic field. At some point during this period where the sample is magnetized to a level determined by that of the polarizing magnet, but is evolving in the presence of the readout magnet, the magnetization will be excited, using an RF pulse at the Larmor frequency of protons at the readout magnetic field, into a plane transverse to that of the readout magnetic field direction. The signal received, and therefore the SNR, is directly proportional to the magnitude of M z immediately prior to the application of the RF pulse.
Readout magnetic field stability
The time-varying readout field also places requirements on the temporal field stability. Morgan et al (1996) state that for a temporal instability varying over the acquisition period of figure 1, the phase accumulated by the magnetization should be less than π , and the standard deviation of the readout field should be less than the bandwidth of a single pixel. For a readout gradient strength of 2.3 mT m −1 , and an assumed voxel size of 1 mm, the maximum tolerable deviation in field is 2.3 µT. At 5 MHz, this is equivalent to a temporal instability of 20 ppm.
Two major sources of temporal instability are thermal heating and inductive coupling of the polarizing magnet to the readout magnet during magnet switching. Thermal effects can be minimized by incorporating forced water cooling, as described in Gilbert et al (2005) .
When the strong polarizing magnet inside the readout magnet is energized, it creates a large change in flux through the readout magnet. When the polarizing field is collapsed, the change in flux induces a large electromotive force (EMF), ε, in the readout magnet (Griffiths 1999) , according to
where n 1 and n 2 are the turns per unit length of the polarizing and readout magnets, respectively, and τ is the switching time, that is, the time it takes for the polarizing magnet to de-energize. Equation (12) is an approximation that treats the readout magnet as a solenoid. In practice, any given amplifier has a maximum voltage capacity; the difference between this voltage limit and the voltage required by the resistive load of the readout magnet, V headroom , is the maximum induced voltage that can be compensated for by the amplifier. If the induced EMF is too large, its amplitude is modelled to exponentially decay until it is taken under control of the amplifier again. This decay is given by
where τ ring is the ringing time of the magnet (the time it takes until the induced voltage is fully compensated for by the given amplifier) and the inductance and resistance of the readout magnet are L r and R r , respectively. Since the readout magnetic field is temporally varying during this time interval, the ring time should be as short as possible since the sample magnetization is also simultaneously shrinking. With this given model, the SNR can be predicted for a given readout field and switching time.
Methods
Electromagnetic, SNR and thermal properties were included when designing the field-cycled MRI system, with constraints imposed on the magnetic fields of the polarizing and readout magnets to exploit the potential T 1 contrast available to field-cycled MRI. Initially, the geometries of the polarizing and readout magnets were determined solely from straightforward electromagnetic calculations, while the SNR was used to further refine system parameters. Special consideration for the location of the gradient and shim coils was taken, as well as the need to limit the overall size of the system. Ohmic heating of the water-cooled system was modelled to determine the thermal evolution of the system. Finally, the induced voltage in the readout magnet, during the switching of the polarizing magnet, imposed limitations on pulse-sequence design.
Readout magnet design
A simulated annealing algorithm was used to design the readout magnet. A four-coil readoutmagnet design was used for the current study. The algorithm begins with an initial set of coils that are either randomly displaced or whose number of individual current loops is altered. A quality factor, q, defined to be the weighted sum of the readout magnet's uniformity and its deviance from the desired magnetic field, is attributed to the system of coils. If q increases after the coil system is modified, then the new geometry is accepted. If q is reduced, then the new arrangement is accepted or rejected based on a Boltzmann distribution of probabilities, exp(−q/T ), using a quasi-temperature, T, which decreases every iteration (Aarts 1989 ). An optimal configuration is found that will provide a desired magnetic field, at a specified radius, with the highest possible uniformity. The inner radius of the readout magnet was fixed during the optimization process. The maximum achievable readout field at a given radius is calculated by increasing the number of current loops until either the coils physically interfere or the resistance of the readout magnet reaches the limit permitted by the amplifiers.
Overall system design
Initially, systems were designed to produce the best CND-SNR according to equation (4). Systems that could image 5, 10 and 15 cm diameter samples were chosen to fix the overall system sizes. The size of the RF coil in each case was then chosen to be that of the sample object, and the RF shield was modelled to be located on the inner diameter of the polarizing magnet, and of negligible thickness. For reasons discussed in section 2, the polarizing magnet was located inside the readout magnet. Using equation (4) and limiting the resistance of the polarizing and readout magnets to 2 , the CND-SNR was determined as a function of α and the inner diameter of the polarizing magnet. From this, the optimal α and inner diameter of the polarizing magnet were determined. With the dimensions of the polarizing magnet fully defined, the maximum possible readout field was determined by adding windings until a 2 resistance had been reached. The readout magnet design was then optimized to produce the maximum field homogeneity over the 10 cm diameter sample-volume while encompassing the polarizing magnet. The magnetic field strengths and inductances were numerically determined using the Biot-Savart and Neumann formulae, respectively. A second system was designed, for a 10 cm diameter object, to produce the maximum power efficiency for the polarizing magnet. From figure 2, this implies that α must be ∼3. Once α was set to 3, the inner diameter of the polarizing coil was chosen to maximize CND-SNR, and the readout field was subsequently determined in the same manner as in the previous paragraph.
To limit the size of the previous system designs, the systems were then optimized without an allotment of space for the gradient and shim coils, and subsequently an increase was made in the inner diameter of the polarizing magnet to allow for the gradient and shim coils. This effectively sacrifices polarizing field efficiency for a reduction in system size and mass. A radial width of 3.5 cm was allotted for the gradient and shim coils. Four-gauge wire was chosen for all readout magnets to balance system weight against electrical resistance. Furthermore, the resistance of the polarizing magnet was chosen to be 1.7 to allow for a 50
• C increase in temperature of the magnet before the voltage capacity of the 20 kW amplifier would be exceeded at 100 A. There was 7 cm of radial width allocated between the polarizing and readout coils for cooling tubes, system supports, etc.
Thermal and mechanical considerations
Forced-water aluminium-cooling plates are sandwiched throughout the polarizing magnet and at each of its ends (see figure 3) . Cooling plates are used to cool both faces of each coil in the readout magnet. Two cooling models were developed by the authors to model the thermal performance of the magnet system: an equilibrium as well as a dynamic model (Gilbert et al 2005) . Using these thermal models, a prediction was obtained for the evolution of the magnet temperatures during a sequence of polarizing and readout pulses.
The mechanical strength of the system under the influence of magnetic stresses was also investigated. For this construction method, the magnetic field required so that the total stress on the magnet exceeded the tensile strength of the epoxy (∼1.38 × 10 8 Pa) was numerically estimated using the technique described by Montgomery (1969) .
Pulse sequences
For computational pulse sequence modelling, a representative switching time of 150 ms was used to determine the induced voltage in the readout magnet according to equation (12). Equation (13) was then used to determine the length of time needed for the amplifier to take control of the ringing in the readout magnet. A fourth-order Runge-Kutta algorithm was used to numerically integrate equation (8), determining the magnetization of the sample during a given sequence of polarizing and readout pulses. The estimated amount of magnetization remaining after the ringing in the readout magnet had ceased was determined for each system design. Table 1 . Field strengths and geometric parameters for field-cycled MRI systems optimized for maximum SNR in the CND regime for sample diameters of 5, 10 and 15 cm. The specifications for a system designed to produce maximum B p , for a 10 cm sample diameter, are given in the final column. All designs employ four-coil readout magnets and limit polarizing and readout magnets to 20 kW of power. The CND-SNR is shown relative to that of the system designed for a 10 cm object with maximum CND-SNR.
Maximal CND-SNR
Maximal B p 5 cm object 10 cm object 15 cm object 10 cm object Table 2 . Electromagnetic and geometric parameters for the final field-cycled MRI system. This system is designed for a sample/RF coil diameter of 10 cm, and to be run by a 20 kW (200 V/ 100 A) amplifier. The polarizing magnet has an α = 2.0. Table 1 presents the field strengths and geometries of systems designed to produce maximal CND-SNR for sample diameters of 5, 10 and 15 cm, given a 20 kW (200 V/100 A peak) amplifier. The specifications for a system designed for maximum power efficiency of the polarizing magnet are given in the final column of table 1. The resultant polarizing and readout fields are 0.61 T and 0.17 T, respectively, for this system. Table 2 lists various electromagnetic and geometric parameters of the final system. The polarizing magnet has (α, β) = (2.0, 1.6) in this system. Figure 3 is a schematic showing the dimensions of the final system. The uniformity of the 4-coil readout magnet, as a function of position in the yz plane, is shown in figure 4 . The uniformity of the readout magnet is 60 ppm over the 10 cm imaging-volume. An example of the numerically integrated longitudinal magnetization for this system, for skeletal muscle and adipose tissue, during a typical field-cycled pulse sequence, is shown in figure 5 . The cooling system limits the equilibrium temperature of the polarizing magnet to less than 150
Results
• C. The temperature of the readout magnet does not rise significantly during a pulse sequence due to the forced cooling and the low duty cycle of ∼10%. Figure 6 is a prediction of the long-term thermal evolution of the polarizing and readout magnets for a repeated pulse sequence consisting of an 800 ms duration polarizing pulse, 200 ms readout pulse and 1000 ms dead time.
The forces generated on solenoid windings by the interaction of its magnetic field with its conduction current compresses that solenoid in the axial direction and expands it in the radial direction (Montgomery 1969) . The magnetic field required so that the total stress on the magnet exceeds the tensile strength of the epoxy (∼1.38 × 10 8 Pa) was numerically estimated to be ∼26 T. The relative elongation of the magnet wire under the mechanical stress present at 5 T is less than 0.04% of the wire width. For a 1 T magnet, with a 10 cm inner diameter and optimized Fabry parameters, the total stress will be ∼3 kg cm −2 . Obviously, the epoxy-potted copper windings must be able to withstand these mechanical stresses. The field required to Figure 6 . Computation of the longer-term thermal evolution of the polarizing (solid line) and readout (dotted line) magnets during a repeated pulse sequence consisting of an 800 ms polarizing pulse, followed by a 200 ms readout pulse and a 1 s dead time. mechanically breakdown the epoxy (∼26 T) is well beyond any practical field to be used in field-cycled MRI. These results infer that mechanical stress will not be a limitation for field-cycled MRI systems within the field ranges for normal MRI (1 to 10 T).
The induced voltage in the readout magnet will be ∼90 V for the switching time of 150 ms. Taking into account the resistive load of the readout magnet, the amplifier will only have ∼60 V of excess capability; this correlates to a ringing time of ∼250 ms. The magnetization accrued by skeletal muscle, during a typical pulse sequence, is shown in figure 7 , along with the point in time where image acquisition begins. The T 1 for skeletal muscle ranges from 300-470 ms during the given pulse sequence.
Discussion
The most basic question in the design of a field-cycled MRI system is how to best use the available radial space. Each of the RF shield, the polarizing coils and the readout coils benefit to some extent by having an increased share of the radial space. The constraints on the radial spacings are interdependent. The inner diameter (ID) of the RF coil is set by the outer diameter (OD) of the object to be imaged. The OD of the RF shield is a variable, which sets the ID of the polarizing magnet. The OD of the polarizing magnet sets the ID for the readout magnet. There is no fundamental limitation on the OD of the readout magnet, other than mass and ease of construction. In this work, the effect of varying each of the above diameters has been investigated in terms of their effect, ultimately, on system SNR. Thermal and mechanical constraints were included because they are of immense practical importance. The gradients and shim coils were considered to have a relatively minor effect on the radial space (compared to the factors above).
One fundamental design choice inherent in the above ordering is whether to place the polarizing magnet inside or outside of the readout magnet. There is a slight SNR advantage to a stronger polarizing magnet, as evidenced by equation (4). However, that is probably not the most important reason for placing the polarizing magnet inside the readout magnet. The polarizing magnetic field does not need to be particularly uniform over the imaging region. Variations in B p strength of tens of per cent result simply in a corresponding intensity variation over the object, and it is critical to realize that no spatial imaging artefacts are produced because of this non-uniformity. By comparison, the readout magnetic field must be highly uniform over the object, as described in section 2.2. It is much easier to achieve a highly uniform magnetic field for the readout magnet if the readout magnet is positioned at the outermost radial position. It is also much easier to construct such a readout magnet, as the tolerances to positioning error in the readout coils become less stringent as the readout coil radii are increased. It is for these reasons that the readout coils should, in practice, be positioned outside the polarizing coils in a field-cycled MRI system, and the system design study was conducted with this assumption in place.
The two most critical practical considerations for the design of the field-cycled system included in the above analysis are (1) interactions between the polarizing and readout magnets and (2) heating of the resistive magnets during operation. The basic problem involved with rapidly turning off the polarizing magnet is the magnitude of the induced voltages in the readout magnet. In the analysis presented here, the induced voltages were calculated and a very simple method was considered for the subsequent stabilization of the readout magnetic field. When the induced voltages were outside the specified maximum range of the current supply for the readout magnet, the system was considered unstable and unusable. The voltages were allowed to drop exponentially in the readout magnet system until the point at which they were within the maximum range of the readout magnet current supply, at which time the current supply would be capable of compensation and the magnet was then considered stable and useable for imaging. This is clearly an overly simplistic approach; however, it does capture the essential elements of the readout magnet stabilization. That is, it includes the effect of the size of coupling between the readout and polarizing magnets, it includes the effect of the amount of voltage headroom in the readout magnet current supply, and it includes the effect of the decay time constants for the readout magnet circuit. In practice, the impedance of the readout magnet circuit would be adjusted such that the currents in the readout magnet are critically damped, thereby minimizing the time required for the currents to decay to a level within the compensation limits of the current supply. Also, although it was assumed in the analysis that the readout magnet supply would only have approximately 100 V additional headroom for compensation, this in practice would be made much larger by using multiple supplies in series. This would also greatly reduce the minimum time between the end of the polarizing pulse and the start of the main pulse sequence. In previous systems using this basic architecture , readout magnet stabilization was achieved within a few tens of milliseconds following the end of the polarizing pulse. As seen in figure 7 , a significant fraction of the magnetization will still exist during acquisition for imaging after ringing in the readout magnet has been curtailed by the amplifier, even for time delays of a few hundred milliseconds.
The second critical practical consideration is that of heating in the resistive magnets. In the designs presented here, it was assumed that both the polarizing and readout magnet structures would be actively water-cooled. The predictions made for the cooling efficiency of the system were based on methods and results described previously (Gilbert et al 2005) . The most important free parameter in cooling the system is the duration of the dead time between successive applications of the polarizing and readout pulses. This time can be altered to control the duty cycle for the system and thereby control the system heating. However, it is clearly undesirable to have any significant dead times between successive pulse sequence applications, as this directly reduces the effective SNR efficiency of the imaging procedure. For this reason, magnet designs were configured to have a reduced resistance, such that heating of the magnet structure during imaging would not push the final resistance above the value for maximum power transfer from the amplifier to the load (which for the amplifiers assumed in this analysis was 2 ). Heating of the readout magnet would also be expected to cause slight spatial expansion of the system, which would cause a slow field drift during imaging with the system. Multiple spin-echo imaging, and other rapid-acquisition pulse sequences, can make efficient use of excited magnetization to limit the number of polarizing pulses and accordingly limit thermal heating (Matter et al 2006) . A small field drift can be compensated for by monitoring the magnet resistance and increasing the current slightly during each successive pulse sequence application.
The design results indicated that a system optimized for CND-SNR alone calls for polarizing and readout fields of approximately equivalent strength. As expected, this is essentially equivalent to a superconducting system operating at that same field. However, to increase the difference in field strength between the polarizing and readout magnets, and thus increase the field range available for generating T 1 dispersion contrast, a system design was presented such that the polarizing magnet was configured for improved power efficiency.
Conclusions
This work represents a systematic approach to the development of a field-cycled MRI scanner-a new MR-based imaging system that has many unique advantages when compared to traditional MR imaging. The main design considerations for such a system were introduced and explored, and the intrinsic tradeoffs between the primary design parameters were taken into account. The authors are now in the process of constructing a field-cycled MR system based on the results of this design study.
